A sensitive and selective field-effect transistor (FET) biosensor is demonstrated using vertically-oriented graphene (VG) sheets labeled with gold nanoparticle (NP)-antibody conjugates. VG sheets are directly grown on the sensor electrode using a plasma-enhanced chemical vapor deposition (PECVD) method and function as the sensing channel. The protein detection is accomplished through measuring changes in the electrical signal from the FET sensor upon the antibody-antigen binding. The novel biosensor with unique graphene morphology shows high sensitivity (down to ,2 ng/ml or 13 pM) and selectivity towards specific proteins. The PECVD growth of VG presents a one-step and reliable approach to prepare graphene-based electronic biosensors. G raphene, a two-dimensional hexagonal network of carbon atoms, has been extensively investigated since 2004 for various applications due to its prominent structural and electrical properties [1] [2] [3] [4] . Recent studies have shown that graphene has high sensitivity to electrical perturbations due to its ultra-small thickness and high carrier mobility at room temperature 5 ; combining its unique transport properties and structure, graphene is attractive for a variety of sensing applications, e.g., biosensors [6] [7] [8] [9] [10] [11] [12] [13] , water sensors 14, 15 , and gas sensors [16] [17] [18] [19] . A number of studies reported the use of graphene in biosensors, and electrical detection of biomolecules using ultrathin 2D graphene sheets can potentially achieve high sensitivity. This is because graphene is extremely sensitive to electronic perturbations and its surrounding environment, and also because graphene has a large specific surface area, which enables surface functionalization with probe proteins/DNAs 10, [20] [21] [22] [23] [24] . Although graphene-based biosensors present excellent performance in biomolecular detection, the sensor performance should be further improved to meet demanding requirements in terms of sensitivity, selectivity, and stability; the sensor fabrication method also should be suitable for large-scale manufacturing critical for future product/technology commercialization.
G raphene, a two-dimensional hexagonal network of carbon atoms, has been extensively investigated since 2004 for various applications due to its prominent structural and electrical properties [1] [2] [3] [4] . Recent studies have shown that graphene has high sensitivity to electrical perturbations due to its ultra-small thickness and high carrier mobility at room temperature 5 ; combining its unique transport properties and structure, graphene is attractive for a variety of sensing applications, e.g., biosensors [6] [7] [8] [9] [10] [11] [12] [13] , water sensors 14, 15 , and gas sensors [16] [17] [18] [19] . A number of studies reported the use of graphene in biosensors, and electrical detection of biomolecules using ultrathin 2D graphene sheets can potentially achieve high sensitivity. This is because graphene is extremely sensitive to electronic perturbations and its surrounding environment, and also because graphene has a large specific surface area, which enables surface functionalization with probe proteins/DNAs 10, [20] [21] [22] [23] [24] . Although graphene-based biosensors present excellent performance in biomolecular detection, the sensor performance should be further improved to meet demanding requirements in terms of sensitivity, selectivity, and stability; the sensor fabrication method also should be suitable for large-scale manufacturing critical for future product/technology commercialization.
Vertically-oriented graphene (VG), also referred to as "carbon nanowall" (CNW), is a two-dimensional ''graphitic'' platelet that is typically oriented vertically on a substrate [25] [26] [27] [28] [29] . The unique vertical orientation and open structure make VG an ideal sensing material as its entire surface is accessible by analyte molecules. Recently, our group has developed a dc plasma-enhanced chemical vapor deposition (dc-PECVD) approach for atmospheric pressure growth of vertical graphene on various conductive substrates [30] [31] [32] . This approach can serve as a simple and one-step method to prepare graphene-based field-effect transistor (FET) devices and can be a better alternative route to drop-casting methods that are commonly used to fabricate graphene and carbon nanotube (CNT) FET devices. Because the vertically-oriented graphene is directly grown on the sensor electrode, it is believed that this platform could achieve higher stability and repeatability than the drop-casting method, which in general has a high noise level and poor stability due to the weak binding between the graphene sheet and the sensor electrode.
In this study, a graphene FET biosensor is fabricated through direct growth of vertical graphene sheets on the sensor electrode through PECVD and subsequent deposition of Au NP-antibody conjugates on the VG surface. The binding of probe and target proteins will induce a significant change in the electrical conductivity of the FET sensor and can be sensitively measured in FET and direct-current tests. The new protein sensors show high sensitivity (down to ,2 ng/ml or 13 pM) and selectivity to specific proteins and are especially attractive for largescale fabrication of sensor devices since the graphene growth and the assembly are accomplished in one step. The sensitivity of the VG sensor is also among the best of carbon nanomaterial (e.g., CNT and graphene)-based protein sensors, which have a detection limit typically from fM to nM 11, 21, [33] [34] [35] [36] . Previous studies have shown that the FET sensor signal is largely dependent on the initial sensor resistance and varies from sensor to sensor 37 . With the PECVD method, multiple sensors can be fabricated in the same experiment under the same growth conditions; therefore, it is possible to control the initial resistance level of the sensor device and minimize variations in the sensor signal. Moreover, by designing the substrate (sensor electrode) patterns, VG could grow along the patterns and create various sensor structures for different applications.
The new VG-based sensing platform could serve as a general platform for biomolecular detection because of its easy fabrication and controllable sensor structure.
Results Figure 1 shows a schematic of the VG FET sensor through direct growth of VG between the drain and the source electrodes. The FET sensor is constructed with VG sheets as the sensing channel, whose conductivity change is measured as the sensing signal through transistor and direct-current measurements. This sensor configuration allows for the direct diffusion and binding of the target protein (antigen in the solution) to the probe protein (antibody functionalized on the Au NP). To investigate the sensor structure and the VG alignment on the gold electrode, scanning electron microscope (SEM) images of the sensor electrode after the growth of VGs are shown in Fig. 2 . The sensor electrode is a two parallel fingers design and after the PECVD growth, due to the electric field distribution, VGs are found grown mainly along the two parallel fingers area (Fig. 2a) . Based on larger magnification SEM images ( Fig. 2b and c), VGs are vertically gown on the gold electrode and extend into a three-dimensional network. With a large specific surface area and a vertical structure, Au NP-antibody conjugates are easily deposited and attached to the VG surface, as shown in the SEM images. The nanoparticle distribution on the VG surface is uniform and no agglomeration is observed. To further investigate the number of layers in the VG sheets and also the sheet network structure, transmission electron microscope (TEM) and high-resolution TEM (HRTEM) images of the VG are shown in Fig. 2d and 2e. The VG sheets show a crumpled structure and are grown and accumulated from the bottom of the electrode; on the top area of the VG, single pieces of graphene sheets are found. HRTEM images indicate that the VG sheet has 4-6 layers, which is in accordance with previously reported VG structures 32 . Since the VG structure is similar to that of multilayer graphene, it is expected that VG will have similar electrical properties. Fig. 2f and 2g show TEM and HRTEM images of the VG network with Au NP-antibody conjugates. The images clearly show that Au NPs are uniformly distributed on the VG surface and the HRTEM image confirms that the Au NPs have a good crystalline structure with a lattice spacing of 0.236 nm, which matches well with the lattice spacing of Au (111). On the basis of the HRTEM image, the size of Au NPs is confirmed as 10 6 2 nm. Energy-dispersive X-ray spectroscopy (EDX) profile is also obtained for hybrid VG-Au NP structures as shown in the Supplementary Information (Fig. S1 ). Figure 3a shows the direct current measurement results of the sensor after fabrication and under biochemical treatments. The resistance level of the VG devices ranges in 10 3 -10
4 V under the current growth condition; after the deposition of Au NP, blocking buffer (BB) incubation, and Immunoglobulin G (IgG) injection, the sensor resistance keeps increasing. Since the VG showed a semiconducting behavior in an ambient environment 38 , FET measurements were carried out to further explore the sensor response to target biomolecules. The p-type nature of the VG in an ambient condition was confirmed by the FET transport characteristics (Fig. 3a, inset ). In the sensing step (Fig. 3b) , with the introduction of the IgG solution to the sensor, the drain current I d decreased. Therefore, the FET measurement results indicate that the sensor resistance increases after the addition of IgG, which is also in agreement with the I-V measurement results. The slopes of FET curves were almost identical before and after the introduction of IgGs (slight change in on-off ratio from 1.11 to 1.09), indicating that the attached IgGs have an insignificant effect on the carrier mobility in the VG. Therefore, a change in the carrier density due to the electric field gating effect might be responsible for the resistance change in the VG 37 . A detailed discussion on the conductivity change in the VG sensor is included in the Supplementary Information. To quantitatively evaluate the sensor response, the sensor sensitivity is defined as DR/R 0 , in which DR is the sensor resistance increase and R 0 is the sensor original resistance before IgG injection. Over ten VG sensors were prepared and tested for IgG with the same concentration (2 ng/ml), and the sensor sensitivity was in the range of 4.5-15%.
For a nanostructure-based electronic sensor, the modification to the nanomaterial conducting channel (VG) is critical to the function of the sensor. To better understand the function of Au NP-antibody conjugates and the BB, control experiments were performed on a VG device, i.e., a device without Au NP anti-IgG functionalization or without the BB incubation. The sensing results of a device without Au NP anti-IgG functionalization are shown in Fig. 3c , in which the device resistance increased with the IgG (2 ng/ml); however, the sensor sensitivity (0.4-4.8%) was much smaller than that with the probe proteins. This result indicates that the surface functionalization of VG (conducting channel) with probe proteins is critical for the function of the sensor and poor functionalization with the probe protein will lead to sensor failure. In another control experiment, the function of BB was studied. Based on results from controlled experi- ments (Fig. 3d) , the sensor showed a much higher response (150%) to the same concentration of IgG than sensors treated with BB. Therefore, the sensor response is coming from the non-specific binding of IgGs to the VG and possibly the electrode, which leads to the change in the VG conductivity.
For an electronic sensor, the response time of the sensor is also an important factor for determining its widespread use. Therefore, to study the dynamic response of the sensor, target proteins with different concentrations were manually injected onto the sensor surface and the sensor response (I d ) was recorded with a constant bias across the electrode. Fig. 4a and b show the dynamic responses of VG sensors with and without probe proteins, respectively. At the beginning of the test, a PBS buffer was injected onto the sensor surface to create an aqueous environment on the VG area, which resulted in a huge decrease in the sensor conductivity. The change in the sensor conductivity is believed to be coming from the change of the VG testing environment from air to aqueous. However, after the injection of the PBS buffer, the sensor conductivity was stable and suitable for subsequent sensing tests. With the injection of the IgG, the sensor conductivity decreased correspondingly and the sensor response time was short (several seconds). Ideally, the sensor response level is proportional to the target protein concentration; however, for our sensor, the response of the sensor to 2 ng/ml IgG (3.4%) was larger than that of 20 ng/ml IgG (1.5%). This phenomenon is possibly because the number of protein binding sites on the VG (on Au NP) is limited and partially saturated after the first injection of IgG; therefore, the following injection of higher concentration IgG leads to a smaller sensor response than expected. For comparison, a sensor without probe protein immobilization was prepared and tested; the results show that the sensor without probe proteins has a much smaller response (1.2%) to 2 ng/ml IgG and almost no response to a following injection of 20 ng/ml IgG. This finding is in accordance with the previous FET results and further confirms that probe proteins are critical for the successful function of the VG sensors.
The specificity/selectivity of a biosensor is another important parameter for sensor function. To verify the specificity of the sensor, Immunoglobulin M (IgM, 0.2 mg/mL) and horseradish peroxidase (HRP, 0.2 mg/mL) were used as mismatched proteins and introduced to the sensor with exactly the same procedure as that used for the IgG. Sensitivities of the sensors are summarized in Fig. 4c for IgG, IgM, and HRP with and without anti-IgG probes. The sensor responses from the mismatched IgM (3.0%) and HRP (2.4%) are significantly smaller than those from the complementary IgG (9.8%). Sensors with no probe protein immobilization generally showed lower sensitivity to those with the probe proteins.
Discussion
For our VG sensor, the growth of the VG was regulated by the electric field distribution above the growth substrate, which in our case was the gold electrode. The electric field near the edges of the gold electrodes was much larger than that above the SiO 2 , and the carbon source gas was ionized more efficiently above the gold electrode, so that VG growth started from the edge of the gold electrodes. Since VGs cannot be grown on the SiO 2 surface, VGs themselves could play a role as growth sites. It was assumed that VGs could be grown on the pre-grown VGs due to the relatively higher electric field above these VGs. Therefore, the VG growth started from the edge of the gold electrode and migrated to spacings between the electrode fingers and finally linked the electrode. By taking advantage of the field-selectivity and the expanding growth of VGs, three-terminal FET sensors were fabricated using the resulting VG as the conducting channel. In our previous study 32 , by designing substrate patterns, e.g., a network of squares or the letters U, W, and M, VGs were grown on those grounded squares or letters. Therefore, it is possible to fabricate VG sensors with various shapes by designing electrode patterns.
The resistance measurement results indicate that the VG conductivity level is similar to that of graphene. In our VG sensor, we attribute the sensor resistance change to the VG channel rather than the electrode-VG contact due to a couple of reasons. First, the binding between the VG and gold electrode is pretty strong because VG is directly grown on the gold electrode under a high temperature (700uC in PECVD growth) and the gold electrode surface is partially melted and merged with the VG during the VG growth process. So the contact resistance between the VG and the electrode is very small, which is evidenced by the linear I-V curve shown in Fig. 3a . Second, the VG is a vertical structure and there are very few Au NPs around the VG-electrode contact area. In addition, the BB covers the contact area in the sensing test. Therefore, it is believed that there are limited proteins attached in the contact area during the sensing and the change in the sensor conductance is mainly from the VG channel. Transistor measurements from the sensor show that the VG is a ptype semiconductor with a low I d under a positive gate potential. A relatively small (around 1.1) transistor on-off ratio can be extracted from the FET curve. It is believed that the on-off ratio is related to the number of VG sheets between the gold electrode gap. In our previous work 32 , the on-off ratio of the VG FET could be as high as 2.0 and the p-type semiconducting nature of the VG in ambient condition was confirmed from opposite conductivity changes of VG in reducing (NH 3 ) and oxidizing (NO 2 ) gases. The sensor sensitivity is one order of magnitude lower than previously reported RGO sensors 10, 37 , mainly due to the VG's multiple-layer structure; in general, fewerlayer graphene sensors have higher sensor sensitivity. One possible route to improve the sensor sensitivity is to decrease the number of graphene layers in the VG, which could be realized by controlling the VG growth conditions (e.g., carbon gas source or gas concentration). For PECVD-grown VG, oxygen groups (-COOH and -COH) are present in the graphene layers 39 and may also influence the sensor sensitivity as the VG FET on-off ratio and carrier density are related to the amount of oxygen groups in the graphene carbon lattice.
In commonly used bimolecular detection platforms, e.g., Enzymelinked immunosorbent assay (ELISA) and Western Blotting, a blocking buffer is needed to eliminate the non-specific binding of the target proteins and can thus lower the uncertainty of detection. Based on this study and on previous experiments, we note that treating the device with BB can effectively diminish the undesirable response from the non-specific binding of analytes to the device and is necessary for the specific function of the sensor. One interesting phenomenon is that, with probes, the sensor sensitivities to mismatched proteins are a little bit larger than those without probes, indicating that some non-specific binding between probes and mismatched proteins may occur due to similarities in the protein structures. The specificity result further confirms that the sensor response is from the binding of IgGs to anti-IgGs and the VG sensor has good selectivity to specific proteins.
By comparing the VG sensor with other graphene/reduced graphene oxide-based electronic sensors, this type of sensor shows several advantages. First, the fabrication of the graphene sensor is completed in one single step, and the sensor is ready to use after the CVD growth and no washing or thermal annealing is needed, greatly decreasing the burden of preparing sensor devices. Second, because the graphene sheets are directly grown on the gold electrode, the binding between the graphene and the electrode is strong. The sensor can easily sustain its vertical structure after several incubation and washing treatments, a common issue/drawback for graphene sensors prepared by the drop-cast/film transfer method. Moreover, the vertical hollow graphene structure facilitates bimolecular migration in the buffer solution and thus it is possible to design a sensor with a fast response. This type of vertical graphene sensor offers many new possibilities for sensors and is a feasible method for large-scale manufacturing of sensor devices.
To summarize, we report an FET VG sensor fabricated by direct growth of VG sheets on gold electrodes using a PECVD method. The vertical structure of VG facilitates the deposition of the Au NP-antibody conjugates on the sensor and the direct growth method improves the adhesion of the graphene sheet and the gold electrode, leading to enhanced sensor stability. The VG-based protein sensor shows a low detection limit, good specificity, and a short response time, which is excellent among graphene/CNT-based electronic sensors. Results from this study present a new method to design and fabricate graphene FET sensors and a promising route for the large scale manufacturing of sensor devices.
Methods
Materials. Colloidal Au nanoparticles (10 nm) labeled with anti-IgG (anti-Human IgG (H 1 L)) and IgG from human serum were ordered from Tedpella and SigmaAldrich, respectively. The blocking buffer (BB) (SuperBlock T20 (PBS)) was ordered from Thermo Scientific. The PBS buffer solution (pH 7.4) was used as the IgG solvent (Fisher BioReagents). All reagents were used as received and the distilled and the deionized water were ordered from Cellgro.
VG sensor fabrication. The VG sensor was fabricated by direct growth of VG sheets on the gold interdigitated electrodes (finger-width of several microns, inter-finger spacing of 2 mm, and a thickness of 50 nm, similar to our previously used electrodes 37 ) using a PECVD method; and experimental details of the VG growth can be found in our previously published paper 39 . In a typical procedure, Ar and CH 4 flows were introduced into the reactor (700uC) with two separate flows: an Ar/CH 4 flow (10% CH 4 by volume, 1 lpm) and an Ar/water vapor flow (Ar flow through a bubbler flask, 0.1 lpm). The plasma reactor was designed with a tungsten pin cathode (3.5 kV) pointing toward the gold electrodes anode (grounded) with a distance of 1 cm. VG growth duration was 30 seconds for a sensor device and no catalyst was used throughout the VG growth.
Structure characterization. A Hitachi S-4800 UHR FE-SEM was used for scanning electron microscope characterization of the device at an acceleration voltage of 10 kV. A Hitachi H9000 NAR Transmission Electron Microscope was used for TEM, selected area diffraction (SAD), and EDX analyses.
Sensor performance characterization. For the sensing test, the VG sensor was first incubated with Au NP-anti-IgG conjugates for one hour and then incubated in a blocking buffer (BB) for two hours and thoroughly washed with a PBS buffer after incubation. The blocking buffer could efficiently block the non-specific protein bindings to VG sheets and electrodes; therefore, it was used to improve the sensor selectivity and reduce the uncertainty in the sensing signal. In a typical test, analyte protein (IgG, 1 mL) was pipetted onto the device for protein binding; after one hour, the sensor device was washed with DI water and dried. The sensor signal was recorded using a Keithley 2602 source meter for direct current and transistor measurements and a Keithley 4200 semiconductor characterization system for dynamic measurements. The direct current measurement was performed by recording the drain current with the drain-source voltage V ds sweeping from 22.0 to 12.0 V with a step of 0.1 V. In the transistor measurement, the drain current was measured with a fixed V ds (0.1 V) while sweeping the gate voltage V g from 240.0 to 140.0 V with a step of 0.1 V. The dynamic measurement was carried out by recording the drain current with a fixed V ds throughout the sensing period. The sensing test was performed in an ambient environment at room temperature and the sensor repeatability was studied by using five sensors in each sensing test/condition.
